In this work, we demonstrate in vitro detection of glucose by means of a lab-on-chip absorption spectroscopy approach. This optical method allows label-free and specific detection of glucose. We show glucose detection in aqueous glucose solutions in the clinically relevant concentration range with a silicon-based optofluidic chip. The sample interface is a spiral-shaped rib waveguide integrated on a silicon-on-insulator (SOI) photonic chip. This SOI chip is combined with micro-fluidics in poly(dimethylsiloxane) (PDMS). We apply aqueous glucose solutions with different concentrations and monitor continuously how the transmission spectrum changes due to glucose. Based on these measurements, we derived a linear regression model, to relate the measured glucose spectra with concentration with an error-of-fitting of only 1.14 mM. This paper explains the challenges involved and discusses the optimal configuration for on-chip evanescent absorption spectroscopy. In addition, the prospects for using this sensor for glucose detection in complex physiological media (e.g. serum) is briefly discussed. 
Introduction
Diabetes is a serious health condition that requires patients to self-monitor their blood glucose levels. Whereas the finger-stick and test-strip measurement is still the medical standard, continuous glucose monitoring (CGM) offers patients a better and safer glycemic control [1] . Many research efforts have shown that it is possible to extract the glucose signature from near-infrared (NIR) absorption spectra [2, 3] . This detection method avoids the use of reagents to ensure longterm sensor reliability and additionally, allows the detection of multiple bio-molecules apart from glucose. Therefore, we propose an implantable CGM device that detects glucose based on NIR absorption spectroscopy. The main challenge is the stringent signal-to-noise (SNR) requirement for the sensor as near-infrared light typically probes the weaker and broadband overtone absorption features instead of the strong fundamental molecular vibrations.
To implement the implantable CGM device, we need a miniature spectrometer. This is possible by integrating the spectrometer functionality on a silicon-on-insulator (SOI) photonic chip. Many demonstrations have shown that these integrated miniature spectrometers offer high performance with a footprint of only a few mm 2 [4] [5] [6] . Next to the spectrometer functionality, the sample-interface can also be integrated on the photonic chip. We use the evanescent field of the transverse-electric (TE) optical waveguide mode to detect the attenuation due to glucose. Evanescent absorption spectroscopy of biomolecules has been demonstrated previously using integrated waveguides [7, 8] , especially on the low-loss chalcogenide platform [9] [10] [11] , and optical cavities [12, 13] . However, typically the mid-infrared wavelengths are probed for which power-efficient integrated sources are lacking. Or, as for the chalcogenide platform, integrated NIR sources (with electrical injection) are missing. In the case of optical cavities, the interaction length and free spectral range are closely related which can compromise the design.
In this paper, we focus on the optimal configuration to exploit this evanescent sensing mechanism in the telecom wavelength range (1540-1610 nm), for which a variety of integrated light sources and detectors exist [14, 15] . In addition, we show how we can optimize the signalto-noise ratio of our measurement set-up to realize sensitive in vitro glucose detection. An optofluidic chip was fabricated that combines an evanescent sensor integrated on a silicon-oninsulator (SOI) optical chip with microfluidics in poly(dimethylsiloxane) (PDMS). An external light source, tunable filter and photodetectors are used to continuously acquire the transmission spectra of the evanescent sensor, while applying different aqueous glucose solutions alternated with pure water to the opto-fluidic chip. We alternate with water to provide a time reference that allows to eliminate both the water contribution to the measured spectra and the small slow drift effects that are present in our set-up. Analysis of the transmission spectra shows that we can detect glucose in the range from 1 mM to 70 mM. The developed system also demonstrates that sensitive and selective molecular detection is possible without the need of any labeling or selective-binding chemistry which is common practice for on-chip sensors [16] . All of this is a first step towards an in vivo CGM device, but it will be clear from the paper that many challenges remain before a silicon-photonics-based approach will enable CGM.
The remainder of this article is structured as follows: firstly, the sensor principle and design is explained. Secondly, the measurement configuration is discussed after which we present the measurement results and data analysis. Finally, we provide an outlook and conclusion based on the obtained results. 
Evanescent sensing of glucose

Sensing principle
We use an optical waveguide integrated onto a silicon-on-insulator (SOI) chip to detect glucose. When this waveguide is immersed with a sample solution, the evanescent tail of the propagating waveguide mode is attenuated according to the absorption spectrum of the applied solution. This absorption spectrum is unique and serves as a fingerprint for molecules. The evanescent sensing principle is based on the law of Beer-Lambert. Thus, the transmission T of the waveguide of length L, immersed in an aqueous glucose solution, can be written as [17] :
The sample absorbance A s L is multiplied with the confinement factor Γ. The terms ε gluc and ε H 2 O are the wavelength-dependent molar absorptivity of glucose and water respectively and define the shape of the spectrum. Given that the glucose molecules displace a number of water molecules from the optical path, the pure water concentration C H 2 O is reduced with the glucose concentration by the displacement factor f w . The absorbance due to waveguide losses is denoted with A wg L. The transmission spectrum of a 1 cm long waveguide with a typical confinement factor of 0.1 and 2 dB/cm of waveguide losses, immersed in a 5.5 mM aqueous glucose solution is shown in Fig. 1 . In the same Fig. 1 , using the right y-axis, the effect of glucose is revealed after elimination of the water absorption. These transmission spectra are calculated using Eqs.
(1)- (2) with the values of ε gluc , ε H 2 O , f w and C H 2 O as reported in [17] . It is clear that the glucose absorption features are very weak and broadband. The change in transmission for the clinically relevant glucose concentrations is on the order of 1e-4. It is thus of paramount importance to optimize the evanescent sensor to enhance the sensitivity. A first parameter that can be optimized is the interaction length L. It can be designed such that the change in transmitted power ∆P, due to the presence of glucose, is maximized. Mathematically, the optimal length L opt can be derived as:
To reduce the evanescent sensor footprint, the waveguide of length L opt is typically routed into a spiral. Note that the optimal interaction length is wavelength dependent. The above formula also indicates that a low-loss waveguide is beneficial. In integrated waveguides a large portion of the waveguide losses are caused by sidewall roughness [18] . By reducing the overlap between the waveguide mode and the sidewall, lower propagation losses can be achieved.
Silicon-on-insulator design
The complete SOI design is shown in Fig. 2(a) . The SOI chip is fabricated in a CMOS pilot line on a 200 mm SOI wafer, comprising a 220 nm thick Si waveguide layer on a 2 µm buried oxide layer [19] . The optical circuit comprises both a signal and reference sensor. The signal spiral will be immersed in the glucose solutions while the identical reference signal can account for possible common noise such as source power fluctuations, temperature variations etc. The photonic chip has a planarized 1.35 µm thick top oxide cladding. To allow evanescent sensing, the top oxide above the signal and reference spiral is removed by wet etching with a 40% buffered Hydrogen Fluoride (HF) solution. This way, we also ensure that the only evanescent response is caused by sample absorption at the spiral sensors.
We only excite the transverse-electric (TE) waveguide mode for evanescent sensing. The transverse-electric (TM) waveguide mode is in principle better suited for evanescent sensing [20] given the high confinement factor. In addition, sidewall roughness has a lower impact as the TM mode is more sensitive to the top surface of the waveguide. Still, the optical circuit insertion loss would increase drastically due to a non-optimized focusing grating coupler design with a low peak efficiency of 13% [21] . In contrast, we can excite the TE mode using straight grating couplers with a measured peak coupling efficiency of 29% (see Fig. 2(b) ). The used grating couplers have a designed period of 670 nm, 50% fill factor and 70 nm shallow etch.
Given the etch-depth restrictions imposed by the SOI chip fabrication process, we can use the (fundamental) TE-mode of 220 nm high wire waveguides or rib waveguides with a shallow etch of 70 nm [18] . For the standard waveguide width of 450 nm, the confinement factor of a wire waveguide is higher (≈ 2×) than for a rib waveguide. Still, we opted for rib waveguides as the reduced modal overlap with the waveguide sidewall, induce lower propagation losses and lower distributed backscattering [22] . Distributed backscattering leads to an unwanted interference pattern in the transmission spectrum that is sensitive to environmental parameters and that can mask the glucose signature.
We design the rib waveguide width to be 450 nm to allow a reasonably high confinement factor (see Fig. 2(c,d) ). This confinement factor is wavelength dependent. In the wavelength range that we will address (1540-1610 nm), this wavelength dependency is approximately linear with a simulated δ Γ δ λ = 0.098µm −1 for a water-clad 450 nm wide rib waveguide. In addition, the confinement factor can vary with the refractive index of the cladding and temperature through the associated change in the electric field profile of the waveguide mode. Using simulations with a fully vectorial mode solver Fimmwave (Photon Design), we calculated that for λ =1590 nm (the peak absorption wavelength of glucose), δ Γ δ n = 0.067 RIU −1 (RIU: refractive index unit) and
.7e-5 K −1 using material parameters from [23] [24] [25] . These small values show that our spiral sensor is robust against small temperature variations and refractive index changes of the aqueous cladding due to glucose (
On the other hand, if a thin layer of material adsorbs to this 450 nm wide rib waveguide, a strong decrease in confinement factor can be expected. A thin uniform layer of 40 nm with a refractive index of 1.45, reduces the confinement factor of a 450 nm wide rib waveguide by 50% at a wavelength of λ =1590 nm. This is a result of the high index contrast of the SOI platform and small waveguide dimensions. The adsorption of material should thus be avoided.
The sensor waveguide length is optimized for λ =1590 nm. The parameters that are used in Eqs. (2)- (3) to calculate this spiral length are: λ =1590 nm, ε H 2 O =5.77e-6 mM −1 , C H 2 O =55138 mM, Γ simulated =0.08 for an aqueous cladding and A wg =2 dB/cm. This waveguide loss figure was estimated, as we didn't have the measured loss data for this rib waveguide at the time of the mask design. The calculation yields L opt = 0.96cm. The length of the fabricated spiral was increased to L=1 cm to account for a potentially 10% smaller confinement factor due to fabrication imperfections (Γ f abricated = Γ simulated ×0.9). The 1 cm long waveguide is routed into a spiral to reduce the sensor footprint to 0.28 mm 2 . Given that the evanescent field is strongly confined to the sensor waveguide, a very small sample volume of a few nL is sufficient to cover the spiral.
Experimental set-up
Microfluidics design and fluid handling
The SOI sensor chip is combined with microfluidics fabricated in poly(dimethylsiloxane) (PDMS) (Sylgard 184, Dow Corning Corporation) using soft lithography [26] . Both the SOIchip and PDMS are given a short oxygen plasma treatment before applying direct bonding with a flip-chip machine. A close-up of the fabricated optofluidic chip is shown in Fig. 3(a) . The fluidic channels are 780 µm wide and 50 µm high. A total of seven different aqueous solutions (0 mM, 1 mM, 5.5 mM, 16 mM, 24 mM, 36 mM and 70 mM) were prepared by adding glucose (D-glucose from Sigma-Aldrich) to de-ionized (DI) water. To efficiently switch between the different glucose solutions, we use a selector valve (Vici, C5C). The output of the valve is connected to the inlet of the PDMS with a flexible PTFE micro-tube. The six available inputs of the valve are connected to syringes (10 mL) containing different glucose solutions. Only one input at a time can be selected and the five other non-selected valve inputs are connected to the common waste output of the valve. A microfluidic pump (TSE systems), loaded with the syringes, is used to pump the solutions at a steady rate of 9µL/min. The measurement set-up is shown in Fig. 3(b) .
Optical read-out system
As we want to simultaneously measure the signal and reference spiral transmission, we use a fiber array to near-vertically couple the light in and out of the optical chip. The fiber array is glued to the optofluidic chip for mechanical stability. Polarization maintaining fiber (PMF) is used throughout the whole optical path. This ensures the reduction of detected power fluctuations caused by variations in mode coupling in the fiber, which are potentially different from signal to reference path. Finally, the sample is placed onto a temperature controller for thermal stability. Given the high signal-to-noise requirements for glucose absorption spectroscopy (see Fig. 1 ), we carefully analysed the optimal source-detector configuration. When using higher input power, the glucose detection limit will be lower. A tunable laser source is thus a tempting choice. Still, the coherent nature of a laser source in combination with relatively strong spurious reflections on the chip [22] gives rise to a noise-like ripple in the spectrum due to interference effects. Furthermore, this spectral ripple exhibits time dependence due to small temperature variations as well as vibrations and hence leads to real noise. Therefore, we opt for a less-coherent, broadband SLED followed by a tunable optical filter as the source. The SLED (thorlabs, SLD1005P) is centered at 1570 nm and the tunable optical filter (Finisar, custom WaveShaper 1000s) is scanned from 1540 nm to 1610 nm with a wavelength step δ λ of 3 nm. Given the broadband features of the glucose absorption spectrum this δ λ is sufficient. The filter is a Gaussian bandpass with a FWHM of 5 nm to ensure higher input power, hence SNR. Although a wider spectral range can increase the selectivity of absorption spectroscopy by probing more molecule-specific features, we are at present limited by the bandwidth of the grating couplers. The stability of our set-up was evaluated by measuring the transmission spectrum of the signal arm during 2 hours while the signal spiral is open to air. The SNR was then calculated for each wavelength as the average value divided by the standard deviation. The average SNR across all wavelengths amounts to 36.59 dB, indicating that the signal varies only by 0.022% during this long period. In a first experiment at room temperature, we measure the transmission spectrum of pure DI water with a resolution of 5 nm. We start from a dry opto-fluidic chip and measure the transmission spectrum of the signal and reference channel P sig,air and P re f ,air . Afterwards, DI water is applied to the microfluidic channel above the signal spiral to yield P sig,water . The reference channel stays in a dry state and yields the reference spectrum P re f ,air2 . The absorption due to water is then easily calculated as:
Measurement results
Transition from air to water
T measurement = P sig,water P re f ,air2 P sig,air P re f ,air (4) In Fig. 4 , we compare the obtained T measurement with the theoretically expected shape T re f erence . This reference curve is calculated as T re f erence = 10 −A w LΓ with the water absorbance A w [mm −1 ], confinement factor Γ and L= 10 mm, the length of our signal spiral. The water absorbance A w is obtained from a reference measurement with a spectrophotometer (Varian Cary 500) at 20 • C. The confinement factor Γ is simulated (with Fimmwave®) in function of wavelength for our rib waveguide design with a water top cladding (n clad =1.31). Note that the yaxis scale is different for T measurement (left y-axis) and T re f erence (right y-axis). This shows that although the shape is similar, we have a difference in absolute transmission. This difference arises from the change in confinement factor and waveguide losses when changing between an air and water cladding and the small uncertainty about the absolute accuracy of our reference measurement.
Switching experiment with 70 mM glucose
In this experiment, we monitor the signal spiral and switch three times between pure DI water and a glucose solution with a high concentration of 70 mM. This way, we can estimate if we can resolve the glucose spectrum and if our measurements are reproducible. After every 14 spectral sweeps, the selection valve is switched. The result is shown in Fig. 5(a) . It shows for every spectral sweep N the transmitted power P(N) from the signal spiral, referenced to its initial value P(N=0). It is clear that the transmission drops when glucose is present, indicating the absorption due to glucose. The small delay δt between the moment of switching and the drop in transmission is due to the finite flow-time between the valve and sensing spiral. Next to the absorption dips, all wavelengths experience a slow upward drift. A different drift was measured in the reference spiral transmission, showing that, although our set-up aims at maximizing the common path, the non-common noise is still larger than the common noise.
This drift behavior is caused by variations in the outcoupling section of the optofluidic chip. At the fiber array interface, small deformations of the epoxy glue over time [27] due to e.g. small thermal variations, alters the position of the output fibers above the grating couplers slightly. This movement will influence the coupling efficiency from the grating couplers to the output fibers. Unfortunately, the coupling efficiency can vary differently over time for the signal and reference output fibers when a slight asymmetry in the position of the fiber array above the grating coupler array is present. This mechanical instability can be avoided in a future sensor design by directly integrating the photodiodes on top of the output grating couplers of the signal and reference arm [28] . The sensor with photodiodes can then be packaged as in [29] to allow a compact measurement set-up. For the present design, however, these variations in the outcoupling section force us to work single-beam instead of dual-beam. Still, the water absorption should be eliminated from the signal transmission spectrum to reveal the glucose signature. Therefore, we provide a time-reference of the water spectrum at regular time intervals by applying pure DI water alternated with the glucose solution.
This time-reference of the water spectrum is also used to eliminate the slow drift that is present in the signal spiral. Hereto, we developed a straightforward data-processing procedure that will be explained in section 5. After this procedure, the glucose absorption spectrum can easily be retrieved. The obtained glucose absorption spectrum is shown in Fig. 6(b) .
Experiment with different glucose concentrations
In the third experiment, we switch between five different glucose concentrations (1 mM, 5.5 mM, 16 mM, 24 mM and 36 mM) and pure DI water. The lowest concentration of 1 mM was chosen to show the detection limit. The concentration of 5.5 mM and 16 mM are respectively the mean and high extreme physiological blood glucose levels. The signal spiral transmission spectra are continuously acquired and after every 16 spectral sweeps, the valve is switched between DI water and a glucose solution. The two lowest concentrations (1 mM, 5.5 mM) were measured twice. The measurement result is shown in Fig. 5(b) . A clear correlation between the change in power and the applied glucose concentration is present for the various wavelengths.
Analysis and discussion
In this section we first show how we process our experimental data to yield the absorption spectrum for a given glucose concentration. Secondly, we compare these extracted absorption spectra with the theoretically expected spectra based on reference data. Finally, we use the extracted absorption spectra to derive a linear regression model for glucose concentration extraction. 
Virtual water absorption extraction procedure
As was explained in section 2.1, the strong water absorption dominates the absorption spectrum of an aqueous glucose solution. The water absorption thus has to be eliminated from our measured spectra to yield the glucose signature. We have access to the water absorption spectrum just before and after applying glucose. But, due to the wavelength dependent slow drift, as shown in Fig. 5 , these measured water absorption spectra are not the same. Therefore, we need to create a 'virtual' water absorption spectrum based on the interpolation of the water absorption spectra as measured before and after applying the glucose solution. The glucose absorption features are then revealed by dividing the measured aqueous glucose solution spectrum by the virtual water absorption spectrum. The algorithm to create the virtual water spectrum is performed for each wavelength individually and is graphically explained in Fig.  6(a) . Firstly, we determine the delay δ N and add it to the switching times N switch to yield the start N s and end times N e of the virtual water curve. The start point V s of the virtual water curve is then calculated as the average of N avg data points P(N) P(0) with N from N s − N avg to N s . The end point V e of the virtual water is similarly calculated as P(N) P(0) with N from N e to N e + N avg . Secondly, we fit a straight line F between V s and V e . We then append to this straight line a number M of data points P(N) P(0) from the water measurements before and after the glucose dip. Thirdly, this newly constructed curve is now interpolated with a polynomial of the appropriate order O to yield the virtual water curve. This virtual water curve thus accounts for the slow drift effects as evident in the measured water data points.
Extracted glucose absorption spectra
Switching experiment with 70 mM glucose
We extract the glucose absorption spectra for the experiment with the aqueous 70 mM glucose solution (see 4.2) by dividing the measured glucose solution spectra with the virtual water curve. The virtual water curve was extracted for δ N=3 (wavelength sweeps), N avg =4, M=14 (number of used water data points) and O=7 (order of the polynomial interpolation). For each of the three glucose dips we have about 7 glucose absorption spectra which can be averaged to yield one high SNR glucose absorption spectrum. The resulting three curves are plotted in Fig.  6 (b) together with the theoretically expected absorption spectrum of a 70 mM glucose solution on top of a 1 cm long spiral, based on reference data from [17] as in section 4.1. Although our measured spectra have a strong, but repeatable, periodic variation in wavelength, we obtain a good match with the theoretically expected glucose absorption. The periodic variations are caused by unwanted optical cavities due to small reflections at e.g. the grating coupler-fiber array interface. The repeatability SNR, calculated as the average of the three absorption curves divided by their standard deviation followed by wavelength-averaging, amounts to 41.95 dB.
Experiment with different glucose concentrations
We obtain the glucose absorption spectra for the experiment with different glucose concentrations (see 4.3) , by dividing the measured glucose solution spectra with the virtual water curves. The latter are calculated with δ N=4 (wavelength sweeps), N avg =4, M=14 and O=7. In addition, we have averaged the various glucose absorption spectra to one high SNR absorption spectrum and this for all of the different applied glucose solutions. The result is plotted in Fig. 7(a) . Again, the obtained glucose absorption spectra exhibit a strong periodic ripple. As expected, when the glucose concentration is increased, the glucose absorption is higher and the transmission decreases accordingly. The replicate measurements (1 mM, 5.5 mM) are clearly grouped with the preceding measurements of the 1mM and 5.5mM solutions. Although the absorption dips caused by the 1mM solution are very difficult to discriminate visually on Fig. 5(b) , the straightforward data processing allows us to reliably extract the absorption spectrum.
Linear regression model
Given the weak absorption due to glucose, the transmission is linearly dependent on the glucose concentration (T = exp(−αC gluc ) ≈ 1 + αC gluc ). Therefore, we derive a linear regression model in which we use the absorbance A r = log 10 (T 36mM ) of the 36 mM glucose solution as the regression vector V r = A r /36. We do a least-squares fitting between the measured absorption spectra for every applied concentration and 10 V r ·C p , for a range of possible glucose concentrations C p between 0 and 50 mM. The predicted glucose concentration C pr is the value of C p for which the least-squares sum is minimal. The predicted glucose concentrations for every applied glucose solution is plotted in Fig. 7(b) . The linear trend is clearly shown. We calculate the error-of-fittingÊ of our model using the predictions C pr of all six measurements except for 36
The reference values C re f are the prepared glucose concentrations. Based on the predicted glucose concentrations, we also calculated the theoretically expected absorption spectra based on the reference data from [17] . These are plotted as grey curves in Fig. 7(a) . We can see that our measurements are in good agreement with the theoretically expected shape. The performance of glucose sensors is often compared based on the 95% confidence interval (CI) [30] . If we consider the difference (C re f − C pr ) as a normally distributed variable x, then the 95% confidence interval for the mean µ x can be calculated as [31] :
withx the sample mean, s the sample standard deviation, n the number of samples and t n−1=5,α/2=0.025 calculated from the t-distribution with 5 degrees of freedom. The 95% confidence interval for the mean difference between the measured and applied glucose value is µ X ∈ 0.86 ± 0.86 mM and is currently limited by the small size of our sample set of aqueous glucose solutions.
Prospects for glucose detection in serum
Due to slow drift in the measured power caused by variations in the outcoupling section of the optofluidic chip, we were forced to perform single-beam spectral measurements with regular time-references of the water transmission spectrum. For this experimental setting, we achieved promising results for the detection of low glucose concentrations in aqueous glucose solutions.
To enhance the sensitivity of our current set-up, we propose to use integrated photo-detectors that maximize the common path between the signal and reference arm. This way, we can exploit the SNR benefits of a dual-beam system. In addition, we should modify our set-up to allow longer measurements to increase the sample set such that we can derive the true limit of detection of our in vitro glucose sensor. The present data-set is limited by the maximum physical size of the syringes that fit the microfluidics pump. To extend our measurements to more complex media such as human serum, additional modifications are needed. In physiological media, a large variety of biomolecules exist that have absorption features in the same wavelength range as glucose, e.g. urea and lactate. To decrease the influence of these interfering molecules on the glucose prediction, a larger spectral range than 1540-1610 nm needs to be measured. This larger spectral range then covers a larger number of molecule-specific features which helps to distinguish the various molecules. In addition, multivariate modeling can be used to enhance glucose detection. Previous research has shown that multivariate modeling successfully enables the concentration extraction of glucose and other bio-molecules from the near infrared absorption spectra of human serum [32, 33] . For example, a good glucose detection accuracy (RMSEP=1.16 mM) in human serum was obtained by multivariate analysis of the large wavelength range from 1500-2500 nm [33] . Currently, the wavelength range of our sensor is limited by the grating coupler bandwidth (50 nm, 3 dB). To extend the operating range, we can employ a single photonic chip with multiple spectroscopic sensors, each optimized for a certain wavelength range. It is clear that this approach holds a trade-off between technological challenges (e.g. the number of required sources) and the detection limit. It was demonstrated that using SOI technology with BCB-bonded GaSb photodiodes, a single chip can comprise a set of integrated spectrometers that covers the wavelength range from 1510-2300 nm [34] . In addition, each individual spectrometer can have a preceding evanescent sensing spiral. Both the miniature spectrometers and evanescent sensing spiral dimensions can then be optimized for a given wavelength range. Moreover, the use of multiple spiral lengths for a given wavelength range, can also improve the detection limit [35] . In addition, ring resonator sensors can be integrated next to the absorption sensor, to monitor on-chip temperature variations and changes of the flow-condition in the microfluidic channels. Further sensor multiplexing and photodiode integration in combination with advanced multivariate modeling are thus key to realize a sensitive in vitro glucose sensor that can be used for more complex physiological media.
Conclusion
We presented our experimental results on a silicon-based lab-on-chip device for the detection of glucose using single-beam evanescent absorption spectroscopy. The optical sensor design and source-detector configuration was optimized to create a stable experimental set-up with a longterm SNR of 36.59 dB. Using this sensor, we have measured the absorption spectrum of pure DI water and of a set of aqueous glucose solutions in a wide concentration range from 0 mM to 70 mM. All the measured spectra are in close agreement with the theoretically expected absorption shape. In addition, a linear regression model was built to correlate the measured spectra with the glucose concentration that is applied to our evanescent sensor. A small error-of-fitting of 1.14 mM is obtained. The current sensor performance is limited by fiber-packaging-induced drift which can be avoided by the use of integrated photodiodes. The integration of photodiodes will also allow for more sensitive dual-beam measurements and further miniaturization of the sensor. Although many challenges remain, the reported results are a first step in the development of an in vivo continuous glucose monitoring device based on silicon photonics.
